Abstract-Indwelling catheters are used widely in medicine to treat various chronic medical conditions. However, chronic implantation of catheters often leads to a premature failure due to biofilm accumulation. Previously, we reported on the development of a self-clearing catheter by integrating polymer-based microscale magnetic actuators. The microactuator provides an active anti-biofouling mechanism to disrupt and remove adsorbed biofilm on demand using an externally applied stimulus. During an in vivo evaluation of self-clearing catheter, we realized that it is important to periodically monitor the performance of implanted microactuators. Here, we integrate gold-based piezoresistive strain-gauge on our magnetic microactuators to directly monitor the device deflection with a good sensitivity (0.035%/Deg) and linear range (±30 • ). With the integrated strain-gauge, we demonstrate the multi-functional capabilities of our magnetic microactuators that enable device alignment, flow-rate measurement, and obstruction detection and removal toward the development of a chronically implantable self-clearing smart catheter.
loss of catheter function [6] . Similarly, chronically implantable shunt systems used for treatment of hydrocephalus have a 30-day shunt failure rate of up to 23-26%, which necessitates numerous revision surgeries for these patients [7] .
To combat the biofouling-related failures in chronically implanted catheters, we have previously reported on the development of self-clearing catheters using thin-film polymerbased magnetic microactuators [8] [9] [10] [11] . The application of magnetic field from a remote source causes a large out-ofplane deflection for these microdevices. When a time-varying magnetic field is used, the microactuator delivers forceful vibration inside the catheter to break apart and remove adsorbed biofilm. The polyimide-based microactuator is robust enough for large actuation cycles (>300 million) and is rugged enough to withstand up to 7-Tesla MRI [10] , [12] . However, during our preliminary in vivo evaluation on the efficaciousness of the self-clearing catheter, the need to periodically monitor the mechanical responses of the microactuators became apparent. We learned that, once implanted, it is impossible to verify whether the device is oriented properly or even actuating as expected. Moreover, we realized that it is difficult to determine whether the animal condition is deteriorating due to a failed device or other complications.
Several groups proposed novel impedance-based sensors to monitor catheter obstruction [13] , [14] . Similar impedance-based sensing may be used to determine whether the microactuator cleared the catheter obstruction. However, monitoring the catheter patency alone does not provide a direct evidence of microactuator movement. Therefore, we needed a method to measure the amplitude of device deflection to help determine the efficacy of microactuation in situ. In this work, we integrated piezoresistive strain sensors on our actuators to directly monitor the device movement. The strain gauge is fabricated on our existing magnetic microactuator without significant modification to the existing process flow.
The piezoresistive effect refers to the change in a material's resistivity due to an applied mechanical strain [15] . For microscale strain sensing, semiconductor materials are typically chosen for their high gauge factor (G = R R ), which relates the change in resistance R with the baseline resistance R and the applied strain . For example, a single crystal silicon is known to have G > 150 and doped diamond film have G > 2000 [16] , [17] . However, most semiconductor-based piezoresistors require a high temperature processing (> 400 • ) for deposition and annealing, which is 1558-1748 © 2018 IEEE. Personal use is permitted, but republication/redistribution requires IEEE permission.
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not compatible with our flexible polymer substrate. Although metallic piezoresistors have much lower G (∼1) than semiconductor or nanoscale materials [18] , [19] , they can provide adequate sensitivity to generate detectable signal given the relatively large deflection of our magnetic microactuators. Moreover, there are several examples of using noble metal piezoresistors for implantable microdevices for their biocompatibility and linearity [20] , [21] .
Here we demonstrate gold (Au) piezoresistor-integrated magnetic microactuators with good sensitivity (0.035%/Deg) and linear range (±30 • ). These multifunctional microactuator now provide additional capabilities including device alignment, flow rate measurement, and obstruction detection on top of the existing self-clearing feature. The added functionalities enabled by the piezoresistor represents the next step towards our ultimate goal of creating a chronically implantable smart catheter that can self-diagnose its status and clear any obstructions without additional surgery.
II. DEVICE DESIGN AND FABRICATION

A. Device Design
The general structure of the flexible micro magnetic actuator mirrors our previous design [10] . The device consists of a rectangular polyimide flexure with a tip mass structure attached at the end. The tip mass structure consists of a near circular polyimide base and a Ni ferromagnetic element on top, which rotates in response to the applied magnetic field and deflects the flexure. The Au piezoresistor is located at the base of the flexure to maximize the change in resistance. The shape of piezoresistor follows a simple serpentine pattern to maximize the net resistance given the confined space [22] . The design has three windings evenly distributed at the width of the cantilever. The entire area of piezoresistor including the contact pads has a total of 109 effective squares in which 94% is on the region that experiences the most stress during the device deflection.
B. Microfabrication Process
The process flow of our first-generation polymer-based magnetic microactuators was modified to fabricate the strain-gauge embedded version [10] . Fig. 1 illustrates the fabrication steps. On top of a 100-mm single-side polished silicon wafer, a 500-nm of silicon dioxide (SiO 2 ) release layer was deposited using PECVD (Axic, Milpitas,CA). Next, polyimide (PI2525, HD Microsystem, Parlin, NJ) was spin coated at 1600 rpm and cured in a nitrogen oven. Prior to coating, an adhesion promoter (VM-652, HD Microsystem, Parlin, NJ) was applied on the oxide layer to improve adhesion. The polyimide thickness was verified to be 10.7μm using an Alpha-Step IQ surface profiler (KLA-Tencor, Milpitas, CA).
Next, the piezoresistor (20 nm Cr and 50 nm Au) was deposited on top of polyimide layer using an e-beam evaporator (Airco) and patterned using lift-off. Following the metal deposition, a second layer of polyimide was spin-coated at 8000 rpm to achieve 1.2 μm-thickness. The Cr/Au adhesion and conduction layers were then evaporated on the wafer globally in preparation for Nickel (Ni) electroplating. A 8-μm-thick of Ni ferromagnetic element was deposited and defined by the plating mold (AZ9260, MicroChemicals GmbH, Ulm, Germany). Afterwards, the outline of structural plate, cantilever and device boundary were dry-etched using oxygen (O 2 ) plasma (Advanced Oxide Etcher, STS, Newport, UK). Polyimide pattern was etched down until the sacrificial SiO 2 layer was exposed. The samples were released in 6:1 buffered oxide etchant that removed the sacrificial layer. After the devices were detached and collected, the piezoresistor contact pads were opened up using an O 2 plasma.
C. Device Integration into Catheters
The integration of the thin-film device into an implantable catheter requires a good alignment between the actuator and the inlet pore. Once integrated, the thin-film device needs to be immobilized to withstand the continuously flowing fluid. Furthermore, an electrical connection between the piezoresistor and test equipment needs to be established. To satisfy these requirements, a 'needle and thread' integration approach was developed. Two 15-inch long magnet wires were aligned and attached to the gold contact pads located at the end of the piezoresistor. Electrically conductive joints between wires and pads were formed by applying liquid silver paste (CI-1001, Engineered Conductive Materials, Inc, Delaware, OH) and curing on hotplate at 85 • C for 10 min. The wires along with actuator substrate were then transferred and bonded to a small piece of polyimide tape for increased structural integrity. Afterwards, the entire sample was coated with Parylene C (PDS2010, Specialty Coating System, Indianapolis, IN) to improve electrical insulation and biocompatibility.
Next, the microactuator substrate was cut so that it can fit inside the lumen of the catheter. Using a commercial implantable catheter (Central Venous Catheter Set, Cook Inc. Bloomington, IN), a 1.2-mm-diameter pore was manually punched. The free ends of the two wires were inserted through the pore and pulled out from the catheter opening. The actuator was then dragged through the pore opening to complete the assembly. Once the thin-film device entered the lumen of the catheter, it curled around the inner wall. Finally, the catheter end with wires was sealed with silicone adhesive. To test the robustness of the integration, deionized water (DI) was manually injected to catheter opening using a 10 ml syringe. The actuator was able to withstand five consecutive bursts of flow (>5 ml/s) without being dislodged or shifting in position. Fig. 1 shows an example of fully assembled smart catheter with piezoresistor-embedded multifunctional magnetic microactuator.
III. DEVICE CHARACTERIZATION AND RESULTS
A. Static and Dynamic Responses
A bespoke electromagnet and a test fixture were used to assess the performance of the piezoresistive strain gauge in a fully integrated smart catheter. The fundamental function of the strain gauge is to provide static deflection angle as a function of percentage resistance change. The change in resistance was measured through the wired connection using a custom LabVIEW program (2013, National Instruments, Austin, TX) in a 4-wire resistance measurement mode. A static deflection response was measured by actuating the device in short magnetic pulses at different magnetic flux density (10-50 mT) produced by the electromagnet in a direction perpendicular to the catheter pore (Fig 2) . Static deflection results showed that the thin-film piezoresistors has adequate sensitivity (0.035%/Deg) with a range −30 • to 30 • . The expected percentage change in resistance R was calculated by equating the cantilever deflection angle φ to maximum stress σ max produced by a point force F on the tip of cantilever:
with cantilever beam length L, thickness t, elastic modulus E = 2.45GPa for polyimide, and the moment of inertia I = wt 3 12 for rectangular beam. Experimental results indicated that our Au piezoresistor has G = 1.1, which corresponds well with values from literatures (Fig. 2) .
The dynamic response of the magnetic actuator also was characterized using the integrated strain gauge. A sinusoidal magnetic field(<10 mT) was swept from 5 Hz to 1 kHz in 20 s using our custom electromagnet. The resistance was sampled at 6.48 kHz and the amplitude spectrum representing the relative deflection was converted into the frequency response using Fourier transform. Fig. 3 shows the dynamic responses of a cantilever in air and in deionized water. The results indicated that our integrated strain gauge can detect critical dynamic characteristic of our magnetic actuators (i.e, resonant frequencies and quality factors).
B. In Situ Device Alignment and Positioning
Minimizing the misalignment between the direction of applied magnetic field relative to the position of the implanted device is critical to maximizing the device deflection. However, it is difficult to ascertain whether the device is fully deflecting once it is implanted. Even with live fluoroscopic imaging, the microscale device is too small to resolve visually. The integrated strain gauge is able to provide a method to optimize the device alignment with the external magnetic field and to determine whether the device is actually deflecting.
The relationship between misalignment angle θ and cantilever deflection φ can be described by balancing the mechanical (τ mech ) and the magnetic torque (τ mag ):
with the rotational stiffness k φ = E I L , the volume of magnet v m , the magnetization M = 0.6T for Nickel, and the applied magnetic field strength H . For a given magnetic field strength H , the deflection angle φ can be solved as a function of misalignment angle θ . The cantilever displacement will be smaller with greater misalignment.
Experimentally, this relation was measured using the integrated strain gauge. At the center of our electromagnet, a fully integrated smart catheter was taped at the bottom of a beaker supported by a custom 3D printed test fixture that can tilt. The text fixture was designed to be fixed at various misalignment angles (0-50 • ) with respect to the horizon (Fig. 4a) . The beaker was filled with DI water to mimic the bodily fluid. For each alignment angle, a magnetic field strength of 20 kA/m was pulsed for 3 s. The change in resistance was recorded using a custom LabVIEW DAQ system. Using the previously characterized strain gauge calibration, the net deflection of our actuators were estimated (Fig. 4b) . With this alignment information, the orientation of external magnetic coil could be adjusted to produce the maximum deflection. In practice, clinicians may be able to utilize this information during the implantation and the actuation to optimize the placement of device and the electromagnet.
C. Flow Rate Measurement
Microactuator can not only be deflected using the externally applied magnetic field but also be deflected passively due to the bodily fluid flow. When the excess fluid is being drained through the catheter pores, the drag force can bend the cantilever inward and the resistance change can be estimated by modeling the fluid drag F = 1 2 ρv 2 C d A on a perpendicular thin plate, with the fluid density ρ, the fluid velocity v, the drag coefficient of the plate C d , and the area of structural plate A. The stress at base of cantilever can be derived from assuming a point force is concentrated at tip. The resistance change can then be described as
Bench-top experiments were performed to characterize the flow rate-resistance relationship. In an evaporating dish, a smart catheter with integrated microactuator was immobilized and submerged in DI water. The open end of the catheter was connected to a S16 tubbing (Masterflex, Colepalmer) driven by peristaltic pump, which pumped DI water into the catheter as shown in Fig. 5a . The volume flow rate was calibrated by measuring the mass of the pumped water. The pump was driven at various flow rates (2-15 ml/min with 1ml/min decrement) and the corresponding resistance change relative to the baseline values were measured (Fig. 5) . The change in resistance matched the Eq. 5 well, which suggests a good flow sensing capability for the tested range.
D. Obstruction Detection and Removal
One of the biggest clinical challenges for chronic use of indwelling catheter is non-invasively determining whether the implanted device is failing due to obstruction. By monitoring the dynamic responses of our strain-gauge embedded magnetic microactuators, it is also possible to detect the presence of an obstruction at the inlet pore of the implanted device in situ. To demonstrate, the baseline dynamic responses of the sample device was first measured (Fig. 6) . Next, a blood clot was made using blood sample from an euthanized pig by dropping 2 ml of blood into 0.1 M phosphate buffer solution (PBS, pH 7, Fisher Scientific, Waltham, MA). The blood clot mass was then gently squeezed into the catheter pore to mimic a robust obstruction. The dynamic response of the device measured again. With the blood clot obstructing the movement, the dynamic response was suppressed significantly (Fig. 6e) . Next, a low frequency high amplitude actuation was Note that when the blood clot is obstructing the inlet pore, the dynamic response is completely attenuated. Following large amplitude actuation and blood clot removal, the dynamic response is restored to show characteristic peaks. applied (20 Hz at 25 kA/m) for 3 min, which dislodged and removed the blood clot mass. Finally, the dynamic response was then captured again to demonstrate restoration of characteristic peaks. This results illustrate the possibility of using our multifunctional microactuator to not only remove catheter obstruction but to detect the presence of the obstruction without the need for explanation.
IV. DISCUSSIONS AND CONCLUSIONS
Here we designed, fabricated, and tested flexible magnetic microactuators with integrated piezoresistive strain gauges to improve the functionality of chronically implantable catheters. We demonstrated that the integrated strain gauge may be used for a number of different purposes. By monitoring the resistance change as a function of microactuator deflection, we determined whether the catheter pores were aligned to provide maximum deflection. The resistance changed linearly with respect to the deflection range of ±30 • , which corresponded well with the expected values. We also demonstrated the fluid flow sensing capability which may be used to monitor the CSF flow rate in situ. Moreover, our strain-gauge integrated microactuators showed the capability to detect the presence of catheter pore obstruction.
The additional feature enabled by integrating the strain gauge on our actuator may eventually be useful in clinical practice. However, additional work is necessary to fully embrace the integrated strain-gauge approach. Since the goal of magnetic microactuators are to prolong the lifetime of the implantable catheter, the long term reliability and sensitivity of the piezoresistive strain gauge sensor cannot be overlooked.
The resistance baseline drift is a well-recognized issue in piezoresistor-based strain gauges due to temperature fluctuation, material degradation, and mechanical fatigue [23] [24] [25] [26] [27] . Some of our devices also demonstrated increased baseline resistance over time (Fig. 5) . The cause of this baseline drift is most likely due the deformation of Au contact pads. The flexible polymer substrate makes the contact pads susceptible to bend due to flow-induced shear [24] . This may be addressed by using a more secure integration method to reduce substrate deformation. The issue of resistance drift is minimized when using a pulsed (e.g., alignment) or sinusoidal actuation (e.g., fault detection) to measure the relative change in resistance [26] . However, for a passive flow rate measurement, the resistance drift may be a problem since an absolute resistance value is needed. Another potential solution may be to incorporate a fixed strain gauge for a differential measurement to eliminate substrate deformation induced drift.
Our future works include improving the sensitivity of the strain gauge for a wider range of applications (i.e., urinary, neurological, and cardiac) [28] [29] [30] . Moreover, we plan to better characterize the long-term stability and mechanical integrity of the thin-film piezoresistor. Finally, we will incorporate a wireless capability to measure the changes in resistance for the device to be truly useful in clinical settings.
